Photoacoustic endoscopy (PAE) provides unique functional information with high spatial resolution at super depths. The provision of functional information is predicated on its strong spectroscopic imaging ability, and its deep imaging capability is derived from its ultrasonic detection of diffused photon absorption. To accurately image functional physiological parameters, it is necessary to rapidly alternate laser pulses of sufficient energy and different wavelengths. In this study, we developed peripheral optical systems for PAE based on two identical pulsed-laser systems to achieve the fast laser wavelength switching that is essential for accurate functional imaging. Each laser system was comprised of a tunable dye laser pumped by a solid-state, diode-pumped Nd:YLF laser. Both systems deliver adequate energy at the scanning head of the endoscope for imaging biological tissue in the optically diffusive regime (~0.3-0.6 mJ per pulse with a repetition rate of ~1 kHz). In this paper, we introduce the employed laser systems and design of the light delivery optics, and present results from an ex vivo animal imaging experiment that validates the system's multi-wavelength functional imaging capability.
INTRODUCTION
Photoacoustic endoscopy (PAE) [1] [2] [3] [4] [5] [6] holds promise for clinical application because it provides high-resolution and functional, optical contrast at super depths that far exceeds the penetration limits of other optical endoscopic modalities, such as endoscopic optical coherence tomography (OCT) [7] [8] [9] , confocal endoscopy 10 , or endoscopic polarized scanning spectroscopy 11, 12 . Deep imaging is made possible by interrogating the target with diffused photons, which can penetrate up to several centimeters into soft tissue. Absorption of either diffuse or ballistic photons will indiscriminately induce acoustic waves, i.e., photoacoustic (PA) waves, through thermoelastic expansion, and these waves will be subsequently detected by an ultrasonic (US) transducer 1, 13 . Hence, ultrasound resolution optical contrast images can be produced from objects located in an optically diffusive regime. This technique recently has gained much interest 1, 5, [13] [14] [15] because it can uniquely provide optical absorption contrast, rich with spectroscopic information, at clinically relevant depths. By simply changing the excitation laser wavelength, physiologically-specific, optical absorption-based contrast can be acquired from various endogenous contrast agents, enabling quantitative assessment of functional information (e.g., Hb concentration, sO 2 ) 13, [16] [17] [18] [19] [20] [21] .
Multiscale imaging is another key feature of PA imaging 13, 14, 22 , as demonstrated in many studies [23] [24] [25] [26] [27] [28] [29] . By choosing optical illumination and acoustic detection parameters appropriately, one can produce tomographic images whose resolution ranges from sub-micron at shallow depths 25 to ~millimeter resolution at depths greater than several centimeters [26] [27] [28] [29] . Our current interest is to develop an endoscopic imaging system targeting deep tissue. To realize this goal, a laser system with sufficient pulse energy is required to optically excite targets in the diffusive regime. Also, 
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Scanning mirror : water medium plastic membrane stainless steel multiple laser wavelengths are required to extract functional information. Furthermore, the laser pulse repetition rate must be high for acceptable in vivo imaging and accurate measurement of dynamic physiological parameters. To satisfy this requirement, we employed two identical pulsed laser systems that provided large pulse energies at high repetition rates. Also, we developed peripheral optical systems to deliver the laser beams efficiently. Lastly, using an endoscopic probe that we developed recently 6 , we demonstrated the system's multi-wavelength imaging capability through an ex vivo animal experiment.
MATERIALS AND METHODS

Photoacoustic endoscopic probe
We have created and continue to develop endoscopic probes and associated systems for gastrointestinal tract imaging applications [2] [3] [4] 6 . As shown in Figure 1 , the main feature of our recently developed endoscopic probe is its built-in scanning mechanism that employs a scanning mirror and micromotor. A multimode optical fiber (OF1, 0.22 NA, 365 µm core diameter, BFL22-365, Thorlabs) couples and guides laser pulses from the engaged laser systems and emits the laser pulses through a central hole in the US transducer. After exiting the fiber, the laser beams are then directed by a reflector (or scanning mirror) towards the sample, exciting the target and generating PA waves. Some of the generated PA waves are collected by the probe and propagate to the scanning mirror, which reflects the PA waves to the US transducer, which then converts them into electric signals. The scanning mirror, driven by a geared micromotor (gear ratio, 254:1; Namiki Precision), reflects both the laser light and acoustic waves, and performs rotational scanning for cross-sectional (B-scan) imaging at a frame rate of ~4 Hz. The detected PA signals are amplified by a US pulserreceiver (5072 PR, Panametrics-NDT, Olympus), digitized (NI PCI-5124, National Instruments) and recorded by a computer. The scanning mirror steers both the laser beam and the PA waves, and it enables static mounting of the associated illumination and US detection units. Importantly, the scanning mirror inserts no additional propagation losses into the US detection because it exhibits total internal acoustic reflection within the acceptance angles of the US transducer. To provide acoustic impedance matching, the endoscope's inner space is filled with de-ionized water and sealed with an optically and acoustically transparent, ~40 µm thick plastic membrane. However, the micromotor is physically isolated from the liquid medium to provide an in-air working environment. The torque required to rotate the mirror is transferred through magnetic coupling of the mirror and the micromotor. All optical, US, and mechanical elements are encapsulated in a streamlined stainless steel tube that allows smooth intracavitary movement. The optical fiber (OF1), the US transducer's signal wire, and the micromotor's wires are also catheterized in a flexible polyethylene terephthalate (PET) plastic tube ~1 m long. For spectroscopic imaging, multiple laser beams of different wavelengths (dual-wavelengths in this study) can be coupled to the proximal end of the light guiding optical fiber (OF1). More information on the endoscope's structure is available in our previous reports [2] [3] [4] .
Laser system and peripheral optics
For dual-wavelength imaging, we employ two identical pulsed laser systems. In our laboratory, the laser systems happened to be physically separated by a large distance (~10 m). Each pulsed laser system is comprised of a tunable dye laser (Cobra HRR, Sirah) pumped by a solid-state, diode-pumped Nd:YLF laser (523 nm, INNOSLAB IS811-E, EdgeWave) and is triggered by an angular position-encoded TTL signal provided by the micromotor's driver circuit. At OF2 ta every 1.42° rotation of the scanning mirror, both the first and second laser beams are independently fired from the two laser systems with a constant time delay of ~30 µs, and the corresponding PA A-line signals are detected by the US transducer (Fig. 1) . The 30-µs time delay is necessary to avoid signal overlap. However, this delay does not significantly affect co-registration of the images because the time interval is much shorter than the scanning mirror's rotation speed (~4 Hz). This imaging scheme enables rapid dual-wavelength PA imaging and co-registration.
The ~10 m distance between the two laser systems necessitated developing a light delivery system. To deliver the two laser beams efficiently, we created light guiding and coupling optics as shown in Figure 2(a) . Laser beams emitted from the first laser system (Laser set 1) were coupled to a ~10-m long multi-mode optical fiber (OF2, 365 µm, 0.22 NA, BFL22-365, Thorlabs) by a 0.15 NA aspheric lens (L0, f=18.40 mm, C280TME-A, Thorlabs) and delivered to an optical coupler-combiner positioned near the second laser system (Laser set 2) [ Fig. 2(a) ]. Emitted laser beams from the optical fiber (OF2) were collimated by a lens (L1, f=11 mm, 0.25 NA, F220SMA-A, Thorlabs) and passed through a beam splitter (70% transmittance and 30% reflectance, EBP1, Thorlabs). The laser beams were then focused by additional lens (L2, f=11 mm, 0.25 NA, C220TME-A, Thorlabs) and coupled to the proximal end of the endoscopic probe's optical fiber (OF1). The endoscope's optical fiber (OF1) and the 10-m long light guiding optical fiber (OF2) had the same core diameter (365 µm) and numerical aperture (0.22). Also, the two lenses (L1 and L2) had the same optical specifications and were placed in a symmetric configuration [ Fig. 2(b) ]. The second laser beam (Laser set 2) was directly coupled to the beam combiner after free-space propagation, as shown in Figures 2(a) and 2(c) . The final output energies of the first (from Laser set 1) and second (from Laser set 2) laser beams at the endoscope's scanning head were ~40% and ~20%, respectively, relative to the input energy. The absolute energy values of the laser beams from the dye laser varied with wavelength. With the implemented laser and optical systems, we could achieve maximum output energies in the range of 0.3-0.6 mJ/pulse at a pulse repetition rate of 1 kHz. Considering the 70% transmittance of the beam splitter, the 40% delivery of the first laser beam was quite efficient. For real endoscopic imaging experiments, we adjusted the output power of the pump laser to equalize the energies of the two laser beams to around 0.3 mJ/pulse. Depending on the imaging target of interest, we adjusted the transmittance (or reflectance) of described beam splitter [ Fig. 2(a) ] appropriately to more efficiently harvest the required pulse energies from both laser wavelengths. Since the laser beams' spot sizes were ~2 mm at the endoscope's scanning head, the approximate laser fluence was ~10 mJ/cm 2 . With this laser fluence and the capacity of the employed digitizer, we could achieve the endoscope's maximal radial imaging depth of ~7 mm from the endoscope's surface. The endoscope's angular field-of-view (FOV) was limited to approximately 270°, due to partial blocking by the probe housing. Experimentally measured PA resolutions were ~55 µm in the radial direction and ~80 µm in the transverse direction, but the transverse resolution varied with target distance.
Animal experiment
To test the endoscopic system's dual-wavelength imaging capability, we performed an ex vivo imaging experiment using an adult Sprague Dawley rat (~450 g; Harlan National Customer Service Center). Prior to endoscopic imaging, we euthanized the animal by a pentobarbital overdose (150 mg/kg, IP) and surgically opened the abdomen [ Fig. 3] . Once the animal was properly positioned, we introduced medical ultrasound gel into the descending colon via a small plastic tube and also spread gel around the colon. The ultrasound gel provided acoustic coupling between the tissue and US transducer and lubricated the probe during colon insertion through the anus. Then, we inserted the endoscopic probe into the colon ~8 cm deep from the animal's anus and performed volumetric scans over a ~8 cm range during constant pullback translation of the probe at a mechanical governed speed of ~160 µm/s. Each volumetric scan required a scanning time of ~8.3 min. About 2000 B-scan slices with longitudinal spacings of ~40 µm were acquired for each imaging mode. In this experiment, we set the wavelengths of the laser systems to 523 nm (Laser set 1) and 640 nm (Laser set 2), respectively. The 523 nm laser pulses were directly coupled from the pump laser, not from the tunable dye laser, of Laser set 1. Due to the bypass of the dye laser for the 523 nm laser pulses and the spectral efficiency profile of the dye laser, in which the efficiency decreases with increasing wavelength, there was a great discrepancy in the maximum pulse energies at these laser wavelengths. Since the maximum 640 nm laser energy was generally weak and was much weaker than the 523 nm laser energy, we replaced the beam splitter shown in Figure 2(a) with a different one (30% transmittance and 70% reflectance, NT46-607, Edmund Optics) to harvest more energy from the 640 nm laser pulse.
All procedures in the experiment followed the protocol approved by the Institutional Animal Care and Use Committee at Washington University in St. Louis. 
RESULTS AND DISCUSSION
In Figure 4(a) , we present a radial-maximum amplitude projection (RMAP) image that was spectrally-processed from a set of dual-wavelength (523 nm and 640 nm) PA volumetric data acquired from the dorsal region of a rat colon ex vivo. The imaged area covers ~270° angular FOV (vertical axis) and an ~8 cm long pullback range (horizontal axis). This RMAP image shows approximate sO 2 levels of the imaged blood vessels. Although the image was acquired ex vivo [ Fig. 3(a) ], sO 2 differences are shown in several prominent blood vessels, such as the caudal vena cava (CVC) and common iliac vein (CIV), which both show lower oxygenation than other surrounding vessels.
In Figure 4(b) , we present a volume-rendered image processed from the same data set displayed in Figure 4(a) . This image covers an 8 cm long cylindrical volume with a 12 mm imaging diameter, and was created from PA data acquired at a 523 nm laser wavelength. The volume-rendered PA image shows the vasculature at the colon wall. In vivo animal imaging experimental results and discussion of the potential clinical applications of this system will be presented in our upcoming paper 6 . We have demonstrated dual-wavelength PA endoscopic imaging by using two identical pulsed laser systems. Multiwavelength imaging based on a single laser system is theoretically possible; however, the required wavelength tuning time of our dye lasers is far too long. Additionally, laser systems that provide rapid tuning and sufficient pulse energies may not be commercially available. Long delays in wavelength tuning make it difficult to acquire co-registered dualwavelength PA images, and render measurements of some dynamic physiological parameters impossible. On the other hand, by utilizing the two identical laser systems, we could achieve rapid and co-registered dual-wavelength PA imaging. In order to couple light from two different laser sources into the endoscope, we had to develop light delivery optics as presented in Figure 2(a) . The large physical distance between the laser sources complicated the design and implementation of the beam combiner [ Fig. 2(a) ], which could be simplified if the two laser systems were closer.
The main advantage of dye laser-based wavelength tuning is the freedom in choosing from a wide spectrum of wavelengths for spectroscopic imaging. However, the cost of the employed laser systems is expensive (~$150k for each laser set) and they are bulky, which substantially restricts portability. In the future, however, the PAE light source could be comprised of a compact laser system, such as a Raman laser, which can provide dual laser wavelengths. We are currently working in this direction for clinical applications.
CONCLUSIONS
We developed peripheral optical systems for simultaneous dual-wavelength PA imaging that utilizes two identical pulsed-laser systems, and validated the developed systems through an ex vivo animal imaging experiment. The laser systems and implemented light delivery optics were able to provide adequate pulse energies and repetition rates for PAE at the scanning head of the endoscope (~0.3-0.6 mJ per pulse at a repetition rate of ~1 kHz).
